Abstract-This study assessed the suitability of a new portable system that is based on Hertz's contact theory for evaluating internal gluteal muscle stresses under the ischial tuberosities of wheelchair users in real-time as a risk indicator for a deep tissue injury. Sitting in a wheelchair was monitored and processed with the portable system for six control subjects and five individuals with paraplegia. We compared the resultant internal peak and average muscle stresses and stress integrals over time (stress doses) of the control subjects with those of the subjects with paraplegia and validated the results against previously published subject-specific finite element (FE) stress data for the same subjects. Individuals with paraplegia were characterized by peak muscle compression stresses (mean +/-standard deviation = 109 +/-41 kPa) that were 2.4-fold higher than in control subjects (p < 0.03). A Bland-Altman comparison indicated that stresses recorded by the present system were in satisfactory agreement with previous subject-specific magnetic resonance imaging-FE analyses. We conclude that the present stress monitoring system has the potential to be a practical means for evaluating internal muscle stresses during everyday life of individuals with paraplegia.
INTRODUCTION
Pressure ulcers are one of the most serious complications in paralyzed and immobilized patients and can have severe consequences, such as sepsis, osteomyelitis, renal failure, and myocardial infarction [1] . The European Pressure Ulcer Advisory Panel defines a pressure ulcer as "an area of localized damage to the skin and underlying tissue caused by pressure, shear, friction, or a combination of these" (http://www.epuap.org). This definition encompasses the entire range of severity of the problem, from mild skin irritation to deep tissue necrosis according to the four-stage classification system of Shea [2] .
Although this classification system is widely used in clinical practice [3] , it fails to indicate the nature of the development of the ulcers [4] . Depending on the form of the surface loading, pressure ulcers can develop at the skin and progress inward or initiate at the deep muscle layers and progress outward [5] . The first type is predominantly caused by shear stresses and is fairly easily detected and treated before it becomes dangerous. The latter type, caused by sustained compression of the tissue, arises at deep vulnerable muscle layers that overlay bony prominences and can rapidly expand unobserved into extensive ulceration. This latter type is considered especially harmful because layers of muscle, fascia, and subcutaneous tissue may suffer substantial necrosis, equivalent to Shea's stage 3 or 4, when only minor signs of tissue breakdown that appear as no more than stage 1 are visible at the skin [2] . Recently, researchers have proposed redefining this type of injury as a deep tissue injury (DTI) and separating it from the common scale [6] [7] [8] . This article is mainly concerned with DTI, but the terms pressure ulcer and DTI have been used interchangeably.
All patients who have severe mobility impairment are susceptible to developing DTI. Amongst the most vulnerable populations and the primary concern of this study are people confined to a wheelchair following spinal cord injury (SCI), disease of the central nervous system, or congenital neurological disorder, since their buttocks support a large portion of their weight during the majority of the day [9] [10] . Such patients, who lack natural sensations of discomfort and pain, may experience prolonged compression of soft tissues under their ischial tuberosities (IT) [11] . Hence, DTI owing to excessive tissue deformation, ischemia, and hypoxia may develop unnoticed under the IT until advanced stages. Indeed, between one-third and slightly less than half of all people with SCI will develop pressure ulcers during the years immediately following their trauma [12] [13] [14] . About 5 to 7 percent of these will eventually require hospitalization, and 7 to 8 percent of those who require hospitalization will die of consequent complications [1, 15] .
Studies continue to draw attention to the unacceptably high prevalence of pressure ulcers in hospitals and nursing homes. Conclusive figures are difficult to determine because of the differences in data collection, but most studies agree on a prevalence of around 9 to 21 percent in acute care and 9 to 27 percent in long-term care [1, 8, [16] [17] . Annual treatment costs of pressure ulcers in the United States exceed U.S. $1 billion [8, [18] [19] , and in the United Kingdom, they are around 300 million pounds [20] . Avoiding a single pressure ulcer may save as much as U.S. $151,700 in treatment of complications and advanced injuries [8] .
Most investigators agree that intensity and duration of the compression forces involved are crucial factors in the onset and extent of tissue damage. Evidence for susceptibility of muscle to compression injury was found in several studies [21] [22] [23] [24] [25] [26] [27] , while in comparison, skin and subcutaneous tissues appear more resistant to pressure [21] [22] [23] . However, because of obvious limitations, experiments in this line have only been carried out on animal models or tissue-engineered constructs [5] . Recently, data from various experiments have been integrated to define a mathematical sigmoid pressure-time cell death threshold curve for albino rats, which are the most common animal models in use [28] .
Other theories for the onset of tissue damage include collapse of capillaries and lymph nodes [29] [30] [31] , reperfusion injury [32] [33] [34] , and cell deformation under pressure [5, 33, 35] . The last has been studied using finite element (FE) models with a damage threshold law derived from previous experiments [4, 36] . Cell death accumulation and the subsequent microstructural heterogeneity were found to cause irregular cell deformations that highly exceeded macrostructural deformations and led to the spread of tissue damage.
In FE models that simulate the buttocks under pressure, stiffened tissues have been shown to increase maximum pressures under the IT and coccyx [37] . A positive feedback mechanism was observed, in which the damaged area continues to expand under prolonged compression [14, 38] . It is hypothesized that damage first occurs under the IT, where compression stress concentrations can be as high as 32 ± 9 kPa (mean ± standard deviation [SD]) according to a recent integrated magnetic resonance imaging (MRI) and FE study of sitting (nondisabled) subjects [39] . The wound then spreads with a snowball effect, as tissue undergoes structural and mechanical changes, and draws more stress to the injured area. This finding indicates that constant, immediate estimation of mechanical stresses under the IT is critical for assessment of injury initiation-once initiation occurs, damage is not only irreversible but also very difficult to arrest.
Previous studies have monitored interface pressures in real-time under the buttocks [18, [40] [41] [42] [43] [44] [45] [46] [47] [48] , but these values have been proven to be much smaller than those from the loading situation in the muscle itself, especially near the IT [49] . Other studies have adopted a much more accurate approach, estimating stresses in the muscles under the IT using FE and complex calculations, at the cost of immediacy and portability [4, 36, 39] . In particular, a new method for evaluating the individual's internal stress state in muscle and fat tissues of the buttocks that employs MRI measurements of internal tissue deformation coupled with FE analyses of resulting tissue stresses was recently introduced by our group [39] . Never before have the two approaches been fused together to monitor patient-specific internal muscle stresses in real-time while allowing patient mobility. To achieve real-time tissue stress evaluations, we need to select the most important mechanical interactions in the load-bearing buttocks as related to DTI. The literature reviewed previously clearly indicates that (1) DTI involves skeletal muscle tissue injury and is likely to initiate in muscle tissue, (2) compressive mechanical loading (such as compressive stress, deformation, or strain) is the most important cause of DTI, and (3) DTI cannot develop without such mechanical loading [5, 22, 26, 33] . Accordingly, the method and system developed in this study focus on the mechanical interactions between the IT and underlying gluteus muscles during sitting.
The goals of this study were therefore (1) to develop a patient-specific system for real-time evaluation of internal mechanical stresses in the gluteus muscle under the IT of wheelchair users, (2) to employ the system and determine differences between gluteal muscle stresses in individuals with paraplegia versus control subjects during sitting as well as explore whether these differences provide additional information to that provided by the commonly accepted interface pressure measurements, and (3) to compare stress data from this new system with conservative (non-real-time) subject-specific MRI-FE analyses for the same subject group [39] in order to validate the muscle stress evaluations.
METHODS

Patient-Specific Bone-Muscle Contact Stress Evaluations
When simplified, the bone-muscle contact region in the human buttocks may be represented as a rigid indenter, i.e., the IT, and a half-space of elastic material, the gluteus muscle (Figure 1) . In order to calculate timedependent compression stresses in muscle tissue under the IT during sitting, we developed a software program that simulated the IT-muscle contact problem (Visual C++, version 6, Microsoft Corp; Redmond, Washington) and employed the classical Hertz sphere/half-space (indenter-specimen) contact model (Appendix, available online only at http://www.rehab.research.va.gov/; all mention of the Appendix in this article refers to the same document). Real-time calculation and depiction of gluteal muscle stress distributions in both top and side cross-sections are available (Figure 2) , as well as graphs of peak stresses, the scale of which are constantly updated as stresses progress. An interface allows the user to input individual parameters, including the subject's bone radius of curvature and muscle tissue thickness based on ultrasound and/or MRI scans as well as the bone and muscle's elastic moduli and Poisson's ratios (Figure 2) . A region of interest (ROI) around the IT and the frequency of sampling may be modified. The color scale is automatically adjusted to the patient's range of muscle stresses during the session.
Data may be saved in a log file for further analysis at a later stage. The more complex analysis allows, in addition to documentation of peak stresses, calculations of averages of stresses over the ROI, and integration of average stresses on the depth and radial axes over time in order to evaluate "stress doses." The data that the user chooses to examine are recorded in a separate text file, which is easily converted into tables and graphs with Microsoft Excel or a similar program.
Model Validation Studies
First, validation of the software implementing the muscle stress calculations described in the Appendix was carried out with a physical model of a rigid plastic half-sphere pressed against a soft silicon cube to simulate the half-sphere and elastic layer of the Hertz contact problem (Figure 1) . The silicon was characterized by an elastic modulus of 2.12 MPa and a Poisson's ratio of 0.5, and the plastic indenter by an elastic modulus of 10 GPa and a Poisson's ratio of 0.3.
The model was compressed quasi-statically at a speed of 10 mm/min by means of an Instron 5544 material testing machine (Instron; Norwood, Massachusetts). A paper-thin, flexible contact stress sensor (FlexiForce, Tekscan Inc; South Boston, Massachusetts) was placed between the silicon and the half-sphere. Compression was halted at three discrete points where the load cell indicated forces of 40, 80, and 120 N, respectively, which cover the load capacity of the sensor. The maximal calibration force of 120 N is a plausible estimate for the force a moderate-weight person might impose on one IT [50] .
Force and displacement were recorded with the Instron 5544. Stresses were recorded at a sampling frequency of 100 Hz and analyzed with LabView 8.1 (National Instruments Corp; Austin, Texas). Ten contact stress measurements were averaged at the three loading points. The operation was repeated with two different sensors.
Peak compression stresses (P 0 ) were calculated with the Hertz model program (Appendix) at three respective loading simulations using the mechanical properties of a silicon cube and plastic half-sphere. Since measurements reflect average stresses over the sensor area, these data were compared with average stresses of the software (P average ) for the contact patch by where P(r) is the contact stress at a radius r from the origin (center of IT contact with muscle tissue), P 0 is the peak contact (compression) stress, a is the contact patch radius, and u is a geometric parameter based on r and a (Appendix). The absolute relative error between experiments and predictions of the model was found to be 7 percent.
Next, a three-dimensional FE computational model of a silicon cube and half-sphere was created (MSC Software Corp; Santa Ana, California). The geometry and mechanical properties of the model were identical to those of the experimental apparatus described previously. The automatic meshing feature of the MSC Patran preprocessor was employed to create a fine mesh of 2,744 solid Hex8 elements and 234 solid Tet4 elements for the silicon cube and the half-sphere, respectively. The rigid half-sphere was allowed vertical movement only. Displacements of the cube base were completely constrained; at all other points, the cube was allowed to displace without restraint. At each discrete loading point, the total load carried by the model was identical to the force measured by the Instron 5544 testing machine. The nonlinear largedeformation static analysis that was carried out resulted in Cauchy component stresses as well as the deformations of the two bodies. Peak and average stresses were calculated and compared with the Hertz model program stresses. The absolute relative error between the Hertz model used for the bone-muscle contact stress studies in sitting (as described in the next section "Human Studies") and the FE validation analysis was 8 percent, similar to that between the Hertz model and validation experiments.
As a last step of validation, we compared the peak internal muscle stress data obtained from each participating subject using the present method with their peak stress data obtained using our previously reported MRI-FE method [39] . Briefly, the MRI-FE is not a conventional FE theoretical analysis but rather a stress evaluation that approaches a direct measurement of the stress distributions in tissues in a noninvasive manner [39] . Specifically, in the MRI-FE method, models of the undeformed buttocks are built for each individual subject using an MRI scan taken at the coronal plane in a nonweight-bearing sitting posture. Using a second MRI scan taken from each subject during weight-bearing sitting, we characterized the IT sag toward the sitting surface in weight-bearing and used these data as displacement boundary conditions for the FE models [39] . Hence, we were able to analyze differences between data from the two methods, Hertz and MRI-FE, for each subject (detailed in "Results" section).
Human Studies
All subjects recruited for this study were chosen for their previous participation in patient-specific MRI-FE modeling experiments at our laboratory [39] . A convenience sample group of six control subjects took part in the trials as well as five individuals with paraplegia, provided they did not have an active pressure ulcer, they were not pregnant, and their upper body was functional, i.e., they could lift themselves off their wheelchair using their arms. Their anthropometric data, measured with coronal MRI scans of the buttocks, are given in the Table. Body weights of subjects with paraplegia (mean ± SD = 75.6 ± 9.7 kg) were statistically indistinguishable from those of the control subjects (70.5 ± 15.7 kg) in a two-tail unpaired t-test.
The study was approved by the Helsinki committee of Sheba Medical Center (Ramat-Gan, Israel), where patients were studied, and informed consent was obtained from each participant.
Experiments were conducted with a wheelchair and an air cell cushion that was adjusted for each individual (Figure 3) . Control subjects were requested to sit comfortably, with feet on footrests and arms on armrests, while watching a movie of their choice for over an hour. The first 3 minutes of each trial were processed separately to test whether internal muscle stress data differ between a shorter and a longer sitting time. At the end of the experiment, an extra weight of 5 kg was added to the front of the torso of each control subject for a period of 3 minutes. The extra weight was applied by means of a specially designed water bag that was able to distribute the load over the torso so we could determine potential effects of additional weight on bone-muscle contact stresses [39] .
Subjects with paraplegia were instructed to sit in a similar manner, and experiments were carried out for 3 minutes (longer sitting trials were not performed for this group because data from controls showed mild differences between muscle stresses at short and long sitting durations, "Results" section).
We measured interface pressures at a rate of 1 Hz using a commercial pressure mat that was placed in between the sitter and the cushion (256 2.5 × 2.5 cm Finally, we evaluated differences between peak pressure data during sitting from the two groups in order to determine whether the previous deep tissue stress analyses provided additional information to that available from the commonly used interface pressure measurements. Hence, we acquired interface pressure data from each participant while he or she sat on a flat rigid surface for 3 minutes, with the consideration that sitting on a rigid surface would cause potential differences in peak pressures between the two groups to be more profound.
In order to allow for the assumption of long-term elastic moduli of muscle tissue after viscoelastic stress relaxation, we discarded the first full minute of all experimental data, consistent with the finding that most stress relaxation in muscle tissue loaded perpendicularly to the direction of muscle fibers occurs within approximately 20 s [51] .
For every sampled interface pressure frame, the force running through the IT was calculated in the following manner: two peak pressure measurements were marked in the area excluding the thighs, such that the lateral distance between them matched the distance between the IT as measured from the subject's MRI scan (Table) and the sagittal distance was no more than one row of sensors. Around these points, pressures in a radius of at most three sensors were summed and then multiplied by the sensor area to yield a time-dependent estimated force.
Individual parameters of IT bone radius of curvature, thickness of the muscle tissue under the IT, and the distance between the two IT were also provided by MRI scans (Table) and input into the software. Specifically, the IT radius of curvature was determined from MRI scans of the buttocks in the sitting posture conducted while subjects sat erect on a specially designed acrylic chair within an open MRI, as described in an earlier publication [39] . The IT radius of each subject was determined from the coronal MRI scan showing the thinnest underlying muscle layer by fitting a circle to the inferior surface of the IT bone contour on that image [39] .
The mechanical properties of muscle tissue (elastic modulus 8.5 kPa, Poisson's ratio 0.5) and bone (elastic modulus 7.3 GPa, Poisson's ratio 0.3) were based on previously obtained experimental data [39, 51] . The elastic modulus of muscle tissue was multiplied by a correction factor α, which was assigned a subject-specific value (Appendix) to account for the finite thickness of the muscle layers and the large deformations into them, according to the analysis of Zhang et al. [52] .
Analysis of muscle stresses was limited to an ROI defined as a cylinder with radius of 4 mm around the central point of contact between bone and muscle (see the model in Figure 1) . The peak compression stress in muscle (P 0 ) is the stress calculated directly beneath the bone, at the center of the contact area. Stress doses on the z-axis (D z ) and r-axis (D r ) were calculated as measures of the time exposure to stress [28] by integrating the average muscle compression stresses S (z,r) over the sitting time t along the respective axes for 120 s by These values were translated into discrete calculations by dividing the ROI radius of 4 mm into 150 discrete points at which stresses were calculated and then averaged, and each average was multiplied by the time frame between samples (1 s) by where s is a discrete time step and n is a discrete point between the origin (the center of bone-muscle contact area) and the ROI boundary.
RESULTS
An example of peak compression stresses (P 0 ) and doses in left and right sides of two control subjects during 2 minutes of sitting is shown in Figure 4 . In all results reported subsequently, the side of the buttocks that produced higher peak stress values was analyzed and depicted (Table) . A drop in time-dependent stresses can be seen toward the end of the data of one of the subjects in Figure 4 (a) (subject 4, right body side). This drop is due to a short spontaneous inclination to the front, as captured by our stress monitoring system.
The mean of peak compression stresses in muscles of control subjects during 2 minutes was 46 ± 6 kPa (all data given as mean ± SD unless otherwise noted), and the mean of average compression stresses during the same 2 minutes was 43 ± 6 kPa ( Figure 5(a) ). In the group of subjects with paraplegia, the corresponding mean of muscle stress peaks was 109 ± 41 kPa and their mean of average muscle stresses was 98 ± 44 kPa (Figure 5(a) ). Hence, the group of subjects with paraplegia was characterized by peak gluteal muscle stresses that were 2.4-fold that of the control group (p = 0.026, Figure 5(a) ).
Mean dose of average compression stresses over 2 minutes across the control subjects was 5,146 ± 718 kPa·s on the z-axis and 10,053 ± 1,446 kPa·s on the r-axis (Figure 5(b) ). Subjects with paraplegia were characterized by a mean dose of 11,727 ± 5,255 kPa·s on the z-axis and 22,558 ± 9,892 kPa·s on the r-axis (Figure 5(b) ). Hence, stress doses of the individuals with paraplegia were similarly 2.3-fold higher than those of control subjects on the z-axis (p = 0.048) and 2.2-fold higher on the r-axis (p = 0.047, Figure 5(b) ).
The mean of peak pressures while sitting on a rigid surface was 19 ± 4 kPa for the controls and 29 ± 10 kPa for the subjects with paraplegia. Though the peak pressure data of individuals with paraplegia were on average 1.5-fold higher than that of controls, the difference was not statistically significant (p = 0.08), which indicates that deep tissue stress parameters distinguish much better between the groups and thus provide important additional information on top of the commonly measured peak interface pressure data.
The mean of peak muscle compression stresses across control subjects with an extra weight of 5 kg distributed over their trunk for 3 minutes was found to be 51 ± 6 kPa, i.e., 5.8 kPa higher than without the extra weight (p = 0.002 in a paired two-tail t-test, Figure 6 ).
The mean of peak muscle compression stresses of all control subjects during the long-term sitting session of 60 minutes was 49 ± 7 kPa, which is mildly but significantly higher than that recorded during the short-term (2 minute) sitting session, 43 ± 6 kPa (p = 0.015 in a paired two-tail t-test, Figure 7) . The mean of average muscle compression stresses was the same in long-and short-term sitting, i.e., 43 ± 6 kPa (Figure 7) .
Peak muscle compression stresses determined during sitting sessions of the six control subjects and four of the individuals with paraplegia by a subject-specific MRI-FE method as reported in a previous publication [39] were compared with results from the current Hertz model. The resolution of the MRI scans for subject 8 was insufficient to allow analysis of internal muscle stresses using our Figure 5 . (a) Peak and average gluteal muscle compression stresses in control subjects and subjects with paraplegia and (b) doses of average muscle stress in same subjects. Sitting data were acquired during 3 minutes for both groups, and data from terminal 2 minutes were analyzed to allow assumption of long-term elastic moduli of muscle tissue. Error bars indicate standard deviation from mean.
* p < 0.05 with respect to data from control group. previously developed MRI-FE method [39] ; hence, for that subject, we did not have previous data available to compare with the present method. The comparison, by means of a Bland-Altman difference plot [53] , is provided in Figure 8 . This plot shows that the Hertz model is slightly, but not significantly, more severe (by a factor of 1.13) in estimating muscle compression stresses. Separation of the two groups revealed that the control group produced a Hertz average that was 1.43-fold that of the FE average (p = 0.01 in a paired two-tail t-test), but in the group of subjects with paraplegia, no significant difference could be established. Importantly, the Bland-Altman plot indicated that 9 out of 10 maximal peak stress data points were well within the ±2 SD lines of agreement (Figure 8 ).
DISCUSSION
At a time when the major developments in evaluating stresses inside soft tissue rely on advanced technology, complex software, and a constantly rising quantity of calculations, our model pauses to take a more straightforward, practically oriented view of the DTI problem. The device ultimately envisioned requires a one-time simple ultrasound or possibly an MRI scan (if available) and a few moments to enter fundamental characteristics of an individual. The apparatus is then ready to accompany a patient all day, every day, constantly checking his or her intramuscular mechanical stresses and possibly warning him or her in due time to change posture. As opposed to other studies [37, 39, 54] , the presently developed device is independent of resource-consuming commercial software; the computer resources required for monitoring compression stresses are minimal, and the model can run on a laptop or even a personal digital assistant if the graphic display is cut down or removed completely.
The new method examined in this study indicates a great potential for predicting compression stresses within the soft tissues under the IT, but the road to utilize it in the clinical setting is still long. It is not as accurate as using subject-specific MRI-FE [39] ; for although no significant difference was established in the group of subjects with paraplegia [55] , the new method does give an overestimation that is about 1.4-fold higher than that of the MRI-FE model for control subjects [39] . With further trials, the model may be fine-tuned to give a more accurate estimate for the controls as well. Clinical utility will also require further adjustments/improvements of the model and system, e.g., extracting the IT radius data from ultrasound rather than MRI, and large scale clinical studies, including prospective randomized clinical trials to test the predictive power of the present system in preventing or reducing the prevalence of DTI. Furthermore, in order to make concrete clinical use of this model, we must perform additional basic research to determine the stress and stress dose thresholds that may endanger the viability and integrity of muscle and other subdermal tissues [28, 33, 36] .
Maximal compression stresses were found to be 2.4-fold higher in the group of subjects with paraplegia than in the control group (Figure 5) . Previous researchers attributed this finding to the atrophy of tissue in wheelchair users [47, 56] . In this small-scale study, the average tissue thickness of the control subjects was twice that of the subjects with paraplegia (p = 0.008 in an unpaired two-tail t-test, Table) , which may confirm the hypothesis for abnormally high stresses within the tissue of the latter. A reverse relationship exists concerning the bone curvature radius: subjects with paraplegia had 1.8-fold the radius of control subjects (p = 0.001 in an unpaired twotail t-test, Table) . These personal parameters are minute and concealed from view, yet highly influence the stresses within the soft tissues [57] ; indeed, from our observations during the present study and related published studies [39, 57] , we would cautiously venture to say they are much more critical than contact pressures measured at the interface.
The loss of cortical bone in paraplegia, as well as some shape adaptation of the IT to the sustained sitting loads, may explain the higher radii of curvature of the IT in subjects with paraplegia [58] . Since the model predicts that an increase in the radius of the bone indenter should reduce the peak compression stress in underlying muscle (Appendix), the pathoanatomy of the IT in subjects with paraplegia may theoretically have some protective effect as related to DTI, but it is counteracted by the loss of muscle thickness that increases muscle stresses. To investigate this interaction further, we analyzed the relative sensitivity of peak muscle compression stress calculations to changes in the model parameters, namely, the elastic modulus of muscle tissue, the force transferred through the IT (which depends on the body posture and is measured in real-time), and the radius of curvature of the IT (Figure 9) . The results of this sensitivity analysis, detailed in the Appendix, indicate that the peak stress and stress distribution in muscle tissue are sensitive to both the individual's IT radius and muscle mechanical properties, which further indicates that interface pressure measurements may not be sufficient to predict the risk for DTI because these parameters are not taken directly into account when interface pressures alone are monitored.
The effect of extra weight on compression stresses (Figure 6 ) was not as severe as the results in our previous patient-specific MRI-FE study-only 1.13-fold that of the normal weight compared with 2.5-fold in the MRI-FE [39] . Sensitivity tests indicate that weight, or force, is not as significant a factor in this model as other factors, such as the IT radius and tissue elastic modulus, the latter of which was modified according to each subject's anatomy (Appendix, Figure 9 ). This result was especially notable in subject 7, whose peak force calculated for the right buttock was almost twice that of the left buttock but whose peak compression stress was nearly the same on both sides. An interesting observation is that although 5 kg is an addition of about 7 percent to the average weight of the control subjects in this study, the increment in the peak stress-5.8 kPa-was equivalent to 13 percent of the peak muscle stress without the extra weight. Implications to obesity cannot be made directly, though, since obesity involves thickening of the subdermal fat layer in the buttocks, which probably has some cushioning effect on internal muscle stresses that was not accounted for in our extra weight simulations.
In both short-term (2 minutes) and long-term (1 hour) sitting sessions of the control group (Figure 7) , the mean of average muscle compression stresses was 43 ± 6 kPa. However, the mean of peak compression stresses was 3.4 kPa higher for the long-term session. Perhaps this increase is due to the natural restlessness that builds up during prolonged sitting in a control subject: a person leans to one side and then to the other, inclines forward or backward. As a result, the balance is shifted temporarily and stresses rise on one side, only to be countered with a subsequent shift to the other side: the average does not change much but the maximal stresses escalate. When treating a population with neural dysfunction, one has to consider their lack of natural restlessness, as demonstrated in this study and others [59] , and compensate for it.
Validation of the model was carried out with a soft silicon cube and plastic half-sphere, silicon and plastic being common materials for simulating human soft tissue and bones, respectively [60] [61] . Characteristics of silicon should be taken into account when considering the results of the validation tests: the Hertz model was indeed designed for an isotropic, homogenous, elastic material but not one that would allow substantial deformations. Still, the error found in the present validation trials is relatively small, and so the model is a practical means for providing quick, real-time evaluation of internal muscle stresses in wheelchair users in a way that can facilitate future clinical utilization. Comparison of the current data with those from a study of a previously developed physical-biological phantom of the buttocks that included real (bovine) muscle tissue and a geometrical replica of the human IT provides further validation for the present results [62] . Specifically, for the large deformations of muscle tissue that occur in the gluteus of sitting subjects with paraplegia, the physical-biological phantom study yielded peak bone-muscle compression stresses that were 5.5 ± 2.5-fold the peak interface pressure [62] ; a finding that is in excellent agreement with the present study, where this ratio was found to be 4.9 ± 3.3 for the group of subjects with paraplegia.
The simplicity of the Hertz contact model and its relatively low demand for computer resources facilitates real-time operation and portability even on a handheld device. Reliance on a pure theory taken from mechanical engineering has its drawbacks, though, especially when applied in such an intricate environment as the human body (this limitation is further discussed in the Appendix). Some of the basic assumptions of the Hertz model, e.g., the elasticity of the two contacting bodies, the relatively small area of contact in comparison to the size of the bodies themselves, the elasticity of the deformations, and the absolute smoothness of the contacting surfaces, are, to put it mildly, inaccurate when describing the body [57] . It is therefore almost surprising that the overall results of the model are very plausible in comparison to other state-of-the-art investigations [37, 39, 54, [62] [63] [64] . The explanation may lie in the fundamental nature of the model and the ease with which it accepts corrections (Appendix).
One major limitation of this study concerning the model is the generalization of the physical anatomy and mechanical properties of the buttocks (further discussed in the Appendix). Needless to say, the IT is not a perfect half-sphere and does not have the same mechanical properties in all subjects; it is a unique living structure that has a distinctive elastic modulus depending on its location and physical history and should be evaluated on an individual basis [65] . Similarly, the tissue underneath is not a flat infinite half-space, and characteristics such as viscoelasticity and stiffening over time according to physical circumstances [14] should be considered.
Another limitation can be attributed to the inaccuracy of force measurement under each IT. The distribution of load transfer via the skeleton and soft tissue to the buttock-cushion interface is a debatable question [66] . This study employed a simple algorithm that considered the pressures in a ~7.5 cm radius around the two IT peaks, took up few computer resources, and could easily run in real-time. At present, no means are available of determining if indeed the radius includes all the force running through the IT and only the IT. In some individuals, the radius may not encompass all of the force; in others, it may cover the whole IT and also some of the force running through the thighs or coccyx. In fact, both options may occur in the same individual as posture changes. The air cushion used for the studies, which is the normative for wheelchair users, increases the difficulty of making a clear-cut separation between the various buttock areas because it works to disperse contact pressures into a wider, vaguer perimeter. In order to overcome this limitation, a more complex algorithm must be employed without compromising the program's ability to run in real-time. A pressure mat with a denser layout of sensors may assist in a more accurate definition of areas.
CONCLUSIONS
In closure, we conclude that the model shown in this study could not give an exact analysis of the stress situation within the soft tissues of a wheelchair user; instead, it is a practical, functional, feasible method that provides an acceptable evaluation. Importantly, the portability of this system should be taken advantage of to study the muscle stresses in daily life of wheelchair users and associate them with the development of pressure ulcers and DTI. However, we must note that this study is a pilot to verify feasibility of the new method. A larger-scale study should now be conducted in order to fine-tune the present model and to find correlation to the previously developed MRI-FE method [39] . Finally, given the practical employment possibilities of the model, such as a personal alarm system or an automatic feedback system, we believe that in the future, with further development, it may help individuals with paraplegia to lessen or even completely avoid DTI.
